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Abstract
Background: The human ankle joint has an influential role in the regulation of the mechanics and energetics of
gait. The human ankle can modulate its joint ‘quasi-stiffness’ (ratio of plantarflexion moment to dorsiflexion
displacement) in response to various locomotor tasks (e.g., load carriage). However, the direct effect of ankle
stiffness on metabolic energy cost during various tasks is not fully understood. The purpose of this study was to
determine how net metabolic energy cost was affected by ankle stiffness while walking under different force
demands (i.e., with and without additional load).
Methods: Individuals simulated an amputation by using an immobilizer boot with a robotic ankle-foot prosthesis
emulator. The prosthetic emulator was controlled to follow five ankle stiffness conditions, based on literature values
of human ankle quasi-stiffness. Individuals walked with these five ankle stiffness settings, with and without carrying
additional load of approximately 30% of body mass (i.e., ten total trials).
Results: Within the range of stiffness we tested, the highest stiffness minimized metabolic cost for both load
conditions, including a ~ 3% decrease in metabolic cost for an increase in stiffness of about 0.0480 Nm/deg/kg
during normal (no load) walking. Furthermore, the highest stiffness produced the least amount of prosthetic ankle-
foot positive work, with a difference of ~ 0.04 J/kg from the highest to lowest stiffness condition. Ipsilateral hip
positive work did not significantly change across the no load condition but was minimized at the highest stiffness
for the additional load conditions. For the additional load conditions, the hip work followed a similar trend as the
metabolic cost, suggesting that reducing positive hip work can lower metabolic cost.
Conclusion: While ankle stiffness affected the metabolic cost for both load conditions, we found no significant
interaction effect between stiffness and load. This may suggest that the importance of the human ankle’s ability to
change stiffness during different load carrying tasks may not be driven to minimize metabolic cost. A prosthetic
design that can modulate ankle stiffness when transitioning from one locomotor task to another could be valuable,
but its importance likely involves factors beyond optimizing metabolic cost.
Keywords: Biomechanics, Load carriage, Prosthetics, Quasi-stiffness, Foot, Locomotion
© The Author(s). 2019 Open Access This article is distributed under the terms of the Creative Commons Attribution 4.0
International License (http://creativecommons.org/licenses/by/4.0/), which permits unrestricted use, distribution, and
reproduction in any medium, provided you give appropriate credit to the original author(s) and the source, provide a link to
the Creative Commons license, and indicate if changes were made. The Creative Commons Public Domain Dedication waiver
(http://creativecommons.org/publicdomain/zero/1.0/) applies to the data made available in this article, unless otherwise stated.
* Correspondence: ktakahashi@unomaha.edu
1Department of Biomechanics, University of Nebraska at Omaha, Omaha, NE,
USA
Full list of author information is available at the end of the article
Hedrick et al. Journal of NeuroEngineering and Rehabilitation          (2019) 16:148 
https://doi.org/10.1186/s12984-019-0621-x
Background
The human ankle joint has an important influence on
mechanics and energetics of gait. Specifically, the role of
the muscles acting at the ankle joint during normal
walking is to provide body support, aid in forward pro-
pulsion, and to initiate leg swing [1]. The peak ankle
joint power can be ~ 2.5W/kg, which is greater than the
maximum power produced by the knee joint and hip
joint [2, 3]. Individuals with impaired ankle function
(e.g., older adults, individuals who have survived a
stroke) or individuals with artificial ankles (e.g., individ-
uals with an amputation) have to compensate for the di-
minished ankle joint power with proximal muscles such
as the hip joint [4–8]. Thus, preserving natural ankle
joint functions is important for rehabilitation and/or as-
sistive devices since compensations via proximal muscles
can often lead to an increase in metabolic cost of walk-
ing [9–11].
One important feature of the human ankle joint is the
regulation of ‘quasi-stiffness,’ which hereby will be re-
ferred to as stiffness. The human ankle stiffness is de-
fined as the slope of the moment-angle relationship of
the joint, or the ratio of the ankle moment to angular
displacement [12–14]. This stiffness can be quantified in
different phases during the gait cycle [13], including
when the ankle joint is dorsiflexing while applying a
plantarflexion moment (i.e., dorsiflexion stiffness). There
appears to be an optimal level of ankle dorsiflexion stiff-
ness to aid the shank as it rocks over the foot, which has
been supported through several studies involving pros-
thetic ankles. If the prosthetic ankle joint is too compli-
ant, then the joint may not provide enough
plantarflexion moment to adequately support the body
upright [6, 15, 16]. On the other hand, if the prosthetic
ankle joint is too stiff, there would be excessive resist-
ance to dorsiflexion motion, which would prohibit the
shank’s progression [6].
Numerous studies have shown that humans can alter
ankle dorsiflexion stiffness in response to changes in
mechanical demands of walking [17–19], most likely
through modulation of muscle activation. As walking
speed increases or when walking uphill, the human ankle
joint stiffness increases due to the plantarflexion mo-
ment increasing and the dorsiflexion angle decreasing
[17, 18]. Additionally, the human ankle joint stiffness in-
creases when individuals walk with additional load [18,
20]. Kern et al. found that the human ankle stiffness,
normalized to body mass, increased by about 13% when
walking with 30% additional body mass [20]. All of these
studies show the human’s capacity to modulate ankle
joint stiffness in response to the mechanical demand of
the task. However, the functional importance of such
ability to modulate stiffness is unclear. Due to the hu-
man ankle’s purported role in minimizing metabolic
energy expenditure during locomotion [21], it is possible
that modulating stiffness when transitioning from one
locomotion task to another (e.g., normal walking to load
carrying) could preserve energy expenditure across the
various locomotor demands. Yet, there are currently no
studies that have directly linked the ankle’s ability to
modulate stiffness and their role in minimizing meta-
bolic energy expenditure across various locomotor tasks.
Such knowledge would contribute to the overall
structure-function relationship of the human ankle and
could also inform designs of wearable devices (e.g., pros-
theses) intended to emulate biological function.
Studies involving lower-limb ankle-foot prostheses
have provided valuable insights on the role of stiffness in
regulating metabolic energy during walking. There have
been many studies done to determine what the best
prosthetic ankle or foot stiffness is for lowering meta-
bolic cost and improving gait for individuals with ampu-
tation [6, 15, 16, 22, 23]. Major et al. showed that a
lower dorsiflexion ankle stiffness (relative to
commercially-available prostheses) reduces the vertical
ground reaction force during the loading phase of the
prosthetic stance as well as the net metabolic cost [15].
Fey et al. showed that lower foot stiffness can also in-
crease the amount of energy stored and returned, con-
tributing to greater forward propulsion and assisting
swing initiation [6]. Zelik et al. had individuals walk with
three different spring stiffnesses in prosthetic feet and
found that an intermediate spring stiffness had the low-
est metabolic energy [24], suggesting a quadratic rela-
tionship between prosthetic stiffness and metabolic cost.
While these studies indicate that the stiffness of the
ankle joint or prosthetic foot plays a role in regulating
metabolic energy during normal walking, the role that
this stiffness has in regulating metabolic energy across
different walking conditions and demands (e.g., walking
with added loads) is unknown. When individuals with
an amputation walk with additional loads, they have al-
tered gait mechanics [25] and expend more metabolic
energy than healthy controls [26]. Thus, determining
whether a prosthesis should be able to change stiffness
across different walking conditions may be important,
which could warrant recent developments in micro-
processor-controlled prostheses that can modulate stiff-
ness [27, 28].
The purpose of this study was to determine how net
metabolic energy cost was affected by ankle stiffness
while walking with different mechanical demands (i.e.,
with and without additional load). Walking with an add-
itional load directly increases metabolic cost [29]. As a
proof of concept, this study involved individuals with a
simulated amputation by using an immobilizer boot with
the prosthesis, which has been used in various other
studies [24, 30–33] (Fig. 1). We used a robotic prosthetic
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emulator, which simulated an elastic prosthesis with a
range of ankle joint stiffnesses around a typical human
ankle stiffness value during walking with and without
additional loads [14, 18, 20, 34]. We hypothesized that
the lowest stiffness would minimize metabolic cost for
walking without added load. We also hypothesized that
the stiffness that minimized metabolic cost during the
load carriage would be greater compared to the no load
conditions, since the human ankle increases its stiffness
when walking with added load [18, 20]. Furthermore, we
hypothesized that the lowest stiffness would maximize
prosthetic positive ankle-foot work and minimize ipsilat-
eral hip positive work. Lastly, we hypothesized that
maximizing prosthetic ankle-foot work and minimizing
ipsilateral positive hip work would require a greater
prosthesis stiffness during the load carrying conditions
than in the no load conditions. The findings of this re-
search could help uncover the importance of the human
ankle’s ability to modulate joint stiffness across loco-
motor tasks, and could also inform how prostheses
should change ankle stiffness based on walking
demands.
Methods
Robotic prosthetic ankle emulator
Participants simulated an amputation by wearing the
prosthesis with an immobilizer boot attached. An experi-
mental ankle-foot prosthesis emulator (HuMoTech,
Pittsburgh, PA) was used to systematically vary resist-
ance to ankle dorsiflexion (i.e., stiffness) (Fig. 1). A simi-
lar device has been used in multiple previous studies
[31, 33, 35]. All mechanical features of the prosthesis, in-
cluding size, mass, heel stiffness, and alignment,
remained unchanged across conditions. The mass of the
prosthesis, simulator boot, and lift shoe was 0.96 kg, 1.6
kg, and 1.1 kg, respectively. The length of the prosthetic
foot was 0.24 m, the heel of the prosthesis was 0.070 m
behind the ankle joint, and the total added leg length
while walking on the prosthesis and simulator boot was
0.13 m. The prosthesis simulated a passive prosthesis
that provided net work near zero or slightly net negative.
The prosthesis was tethered to an off-board motor and
computer, and the tether was supported near the partici-
pant to minimize its interference when participants were
walking. Participants wore the ankle-foot prosthesis with
the simulator boot on their right leg. A lift shoe (length
0.29 m or 0.31 m) with a rocker bottom was worn on the
left foot to keep leg lengths equal [31].
To control the prosthetic ankle joint stiffness, adjust-
ments were made electronically using MATLAB/Simulink
software (MathWorks, Natick, MA). In order to create the
desired moment-angle relationship, we entered two mo-
ment and angle value-pairs into the software to define a
linear slope (i.e., stiffness) (Additional file 1: Figure S1).
For the first pair, we always entered a desired plantarflex-
ion moment of 0 Nm at 0 degrees dorsiflexion. For the
second pair we entered a condition-specific non-zero
dorsiflexion value and plantarflexion moment value. The
control software would then apply torques as a function of
dorsiflexion angle based on a linear fit through these two
points, depending on the prosthesis angle. When the
dorsiflexion angle would be greater than the dorsiflexion
from the second value-pair, the prosthesis would simply
apply higher moments from the extrapolated fit between
the two value-pairs. The hardware and off-board motor
tried to match the desired moment-angle relationship cre-
ated in the software. The ankle dorsiflexion stiffness was
quantified similar to the calculation seen in previous stud-
ies, in which they used the slope of the best fit line of the
moment-angle curve [12, 20].
Participants
Fourteen healthy young adults (individuals without
transtibial amputation) (1 female, 13 males; ages 25.71 ±
Fig. 1 Experimental setup. The prosthesis emulator is tethered to an off-board motor and controlled via a computer interfaced with MATLAB and
Simulink. The desired stiffness can be entered into the software, which allows the ankle stiffness to be systematically varied during the
dorsiflexion phase and push-off. The protocol tested five different prosthetic ankle stiffness (based on literature-values of human ankle stiffness)
with and without a weighted vest (~ 30% of body mass). The participants wore a lift shoe on the contralateral leg
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3.06 yrs.; height 1.75 ± 0.05 m; body mass 75.07 ± 6.22 kg;
mean ± sd.) volunteered to participate in the study.
Healthy was defined as: free of musculoskeletal or patho-
logical problems including cardiovascular and neuro-
logical disorders. Participants did not have any past
injuries or surgeries that affected their gait; any current
pain in the neck, back, or shoulders; or any current
medication that may affect temporal spatial awareness,
joint or muscle stiffness and cognitive function. They
were able to carry 30% of their body mass as added
weight. Since the weight limit of the prosthesis was
113.4 kg, all individuals were under 87.23 kg and had a
body mass index under 30 kg/m2. These conditions were
screened using a medical-history form. The study was
conducted at the University of Nebraska at Omaha
(UNO) under the approval of the Institutional Review
Board of the University of Nebraska Medical Center.
Each participant provided written consent before being
screened for inclusion and exclusion criteria.
Experimental design
Overview
This experiment consisted of 10 conditions each visit.
The 10 conditions included five different prosthetic stiff-
ness settings and two different load carrying conditions.
All 10 conditions were repeated on three different days
to account for any learning effects. There were 24 h to
72 h in between each session. This study set up was
done in a previous study using this device [31]. Reported
data are from the final visit.
The five stiffness settings were 0.0928, 0.1044 0.1160,
0.1276 and 0.1392 Nm/deg/kg. Since the goal of this
study was to understand the functional importance of
human ankle’s ability to modulate stiffness, we selected
stiffness values near the typical human ankle during nor-
mal walking, as well as during load carriage. Literature
values for typical human ankle stiffness (for no load
walking) have ranged from ~ 0.089 to ~ 0.1077 Nm/deg/
kg [14, 20, 34]. During load carriage, the human ankle
stiffness can range from ~ 0.093 Nm/deg/kg while carry-
ing 15% of body mass, ~ 0.100 Nm/deg/kg while carrying
30% of body mass, and ~ 0.127 Nm/deg/kg while carry-
ing 61% of load [18, 20]. Thus, our five stiffness settings
are within the range of typical human ankle stiffness
values during walking with and without carrying add-
itional loads [14, 18, 20, 34].
The load carrying conditions were an additional 0%
(no additional load) and 30% of the participant’s body
mass. 30% additional body mass was chosen because
previous studies have shown that metabolic cost in-
creases with added body mass in an almost linear rela-
tionship [29, 36, 37]. Therefore, 30% added body mass
would be enough to see a noticeable difference in meta-
bolic cost between the two conditions. The prosthesis
used had a weight limit, so we wanted to stay within the
limits of the prosthesis, while using the highest possible
load. Additionally, a previous study from our lab exam-
ined how human ankle modulates stiffness when walking
with up to 30% additional body mass [20], which pro-
vided further justifications for the stiffness levels used
for this current study. The 30% additional body mass
was symmetrically distributed around the participant’s
core, in a weighted vest, with 2.5 kg weights. Since the
weight was in incremental amounts, the participants
wore the weight that was closest to 30% of their body
weight. However, the actual weight percentage ranged
from 29 to 34% of the participant’s body mass. Condi-
tions were blocked randomized, in which the no add-
itional load conditions were first, followed by the
additional load conditions. The five stiffness conditions
were randomized within each load carrying condition.
Protocol
Participants were asked to fast 3 h before the data col-
lection, as to not affect the metabolic cost estimates.
The visit started with obtaining consent and then taking
anthropometric measurements using a caliper, including
lower limb segment lengths and width. Prior to data col-
lection, participants were asked to put on a tight-fitting
spandex suit to limit movement noise from the reflective
markers. A six-degree-of-freedom marker set was used
to track the motion of the lower extremities and the
prosthesis [38]. This marker set had been shown to reli-
ably assess gait performance over multiple sessions [38].
Five additional markers were placed on the prosthesis
emulator, with three on the body of the prosthesis and
two on the ankle joint (lateral and medial). Three-
dimensional lower limb kinematic data were captured
using an eight-camera motion capture system (VICON,
Oxford, UK), as participants walked on an instrumented
treadmill (Bertec, Columbus, OH) to capture limb
kinetics.
Before the first trial, a 7-min recording of the meta-
bolic rate was taken as the participant stood quietly on
the instrumented treadmill. For each trial, the partici-
pant walked for 6 min at a speed of 1.25 m/s. The tread-
mill started at 0.8 m/s and gradually increased speed up
to 1.25 m/s. Once at 1.25 m/s, the 6 min started. During
all conditions, the maximum torque and ankle range of
motion of the prosthesis were monitored to make sure
either were not reaching the hardware limit. Breath-by-
breath gas exchange measurements were recorded for
indirect calorimetry calculations of metabolic cost (True
One, Parvo Medics). This metabolic system has been
shown to provide reliable results for gas exchange mea-
surements [39]. Data from the last 2 min were used for
the indirect calorimetry calculations in order to use
steady state data. Oxygen and carbon dioxide volume
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over time was plotted and visually checked to confirm
steady state had been reached. Kinematic and kinetic
data were recorded during the last minute of the trial.
Immediately after the trial ended, the participants were
asked about their perception of the condition on a scale
of − 10 to 10, with 0 corresponding to the same as their
normal walking, − 10 corresponding to cannot walk,
and + 10 corresponding to walking is effortless and sig-
nificantly easier than normal. This questionnaire regard-
ing perception was done in a similar previous study [33].
A rest period of at least 5 min occurred between each
condition to allow for recovery and to minimize fatigue.
Data analysis
Metabolic cost
Standard calculations derived by Brockway [40] were
used to calculate whole-body metabolic power. Energy
expenditure was estimated by using the volume of oxy-
gen consumption and carbon dioxide production. Net
metabolic power was defined as the metabolic power
during walking minus the metabolic power during a
quiet standing trial. Net metabolic power was normal-
ized by dividing the power by the participants’ biological
body mass.
Kinematic and kinetic data
Kinematic and kinetic data were sampled at 250 and
1000 Hz, respectively, and filtered with a 6 and 25 Hz
2nd order low-pass Butterworth filter. This had been
done previously with similar data [41]. Six-degree-of-
freedom joint powers at the knee and hip were calcu-
lated using the kinematic and kinetic data [42, 43].
To calculate ankle-foot power, we used a unified de-
formable (UD) power analysis. The analysis quantified
everything distal to the shank as one deformable seg-
ment and captures the total power produced by the en-
tire ankle-foot system [44]. This technique was used on
both the prosthesis side and the contralateral side for
consistency between limbs.
Statistical analysis
A linear mixed-effect model was used to determine the
factors that affected the outcome variables (i.e., net
metabolic power, prosthetic positive ankle-foot work,
and ipsilateral positive hip work). Net metabolic power
and joint works were normalized to the subject’s bio-
logical body mass. The analysis was a linear mixed-
model with six-factors (random effect: participant; fixed
effects: stiffness, load, stiffness squared, interaction of
stiffness and load, interaction of stiffness squared and
load). Previous studies involving exoskeletons or pros-
theses have seen both a linear [15] and quadratic [24,
45] relationship of stiffness with metabolic cost. Thus,
we included both stiffness and stiffness squared terms in
the model. Prosthetic ankle stiffness was calculated from
inverse dynamics data for every participant/trial, and the
load was the actual load percentage participants carried
within the vest. All six factors were initially entered into
the model, and stepwise elimination on the least signifi-
cant variables was used until only the significant terms
remained (p < 0.05). The remaining significant variables
were included in the predictor equation for the outcome
variables. The coefficients for these variables were re-
ported, as well as the R2 value for the equation of the
condition averages. This analysis was done for each out-
come variable (MATLAB; MathWorks, Natick, MA).
In addition to the primary hypotheses, we performed
several additional secondary analyses. A linear mixed-
effect model was used to determine the factors that af-
fected ipsilateral knee work, contralateral ankle-foot,
knee and hip work, and perception data. A paired t-test
was done between the metabolic cost measurements
from the second to third day for each condition.
Results
Prosthetic ankle stiffness
The prosthetic emulator systematically changed stiffness
consistent with the software input. This was shown by a
representative participant’s prosthetic ankle moment-angle
relationship for the five stiffness conditions at the normal
walking conditions. As the input stiffness in the software in-
creased, the slope of the measured moment-angle curve
during walking increased (Fig. 2). The actual prosthetic
ankle stiffness was calculated from experimentally-derived
values during walking (via inverse dynamics) and compared
to the stiffness value inputted (Additional file 2: Figure S2).
While there were trials in which the actual stiffness values
during walking were greater or lower than the prescribed
input stiffness, the overall trend was consistent in that as
the prescribed stiffness increased, the stiffness during the
walking trials increased. The range of stiffness initially input
into the software was between 0.0928 to 0.1392Nm/deg/
kg, but the actual range was larger since the
experimentally-derived stiffness was not exactly the same as
the prescribed input stiffness.
Additionally, we measured the stiffness calculated by
the prosthesis software from the prosthesis load cell
across all 3 days. (Additional file 3: Figure S3). We then
did a t-test for each stiffness condition between days to
determine if the stiffness varied within subjects among
the 3 days of testing. We found that all differences were
non-significant (p ≥ 0.0581) except the highest stiffness
for the unloaded walking trial, with significant difference
between days 2 and 3 (p = 0.0222).
Joint angle and moments
Across the 10 walking conditions (five different stiff-
nesses and two load conditions), the ankle, knee, and hip
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had varying joint angles and moments (Fig. 3). Overall, the
prosthetic ankle joint moment increased for the additional
load conditions. Additionally, the ankle, knee, and hip had
varying angular impulses across the 10 conditions (Add-
itional file 7 Figure S7 and Additional file 8 Figure S8).
Joint powers
The total power of the ankle-foot, knee, and hip varied
across the ten conditions for both the ipsilateral and
contralateral side (Fig. 4). Overall, the prosthetic ankle-
foot had an increase in peak power with load. The
contralateral ankle-foot had an increasing trend with
additional load (Fig. 4).
Net metabolic power
Prosthetic ankle stiffness squared (k2, units: ð Nmdeg ∙kgÞ
2 )
(p = 0.0356) and amount of load (l, units: % body mass))
(p < 0.001) were significant predictors of the net meta-
bolic power (Ėmet) (adjusted R
2 = 0.8480) (Fig. 5). Pros-
thetic ankle stiffness, the interaction of stiffness and
load, and the interaction of stiffness squared and load
were not significant, and thus were not included in the






¼ 3:416þ 0:015∙l −6:809∙k2 ð1Þ
Ipsilateral positive joint work
Prosthetic ankle stiffness (k, units: Nmdeg ∙kg ) (p < 0.001) and
amount of load (l) (p < 0.001) were significant predictors of
the prosthetic ankle-foot positive work (WPRO_ANK_FT) (ad-
justed R2 = 0.7995) (Fig. 6). Prosthetic ankle stiffness
squared, the interaction of stiffness and load and the inter-
action of stiffness squared and load were not significant and






¼ 0:244þ 0:002∙l−0:661∙k ð2Þ
Ipsilateral hip positive work (WIPS_HIP) was related to





































Fig. 2 A representative participant’s moment-angle data. As the stiffness increased (indicated by the arrow direction), the slope of the moment-
angle curve increased, confirming that the prosthetic emulator is capable of creating a range of stiffness profiles. The circular arrow indicates the
direction of the moment-angle curve. We also note that the moment-angle curve also shows a slight hysteresis (i.e., net negative work),
effectively simulating an unpowered and elastic prosthesis
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interaction of the square of stiffness and load (p =
0.0023) (adjusted R2 = 0.6622) (Fig. 6). Prosthetic ankle
stiffness, load, and stiffness squared were not significant
and were removed from the model during the stepwise
elimination. The model predicted the following equation
for ipsilateral hip work: (Eq. 3)
WIPSHIPð JkgÞ ¼ 0:293þ 0:026∙kl −0:128∙k
2l ð3Þ
Load (p = 0.0399), the interaction of stiffness and load
(p = 0.0157) and the interaction of stiffness squared and
load (p = 0.0147) were significant predictors of ipsilateral
knee positive work (WIPS_KNEE) (adjusted R
2 = 0.8085)
(Fig. 6). Prosthetic ankle stiffness and stiffness squared
were not significant and were removed from the model.
The model predicted the following equation for ipsilat-





¼ 0:219−0:007∙l þ 0:144∙kl−0:584∙k2l
ð4Þ
Contralateral positive joint work
The interaction of stiffness and load (p < 0.001), as well
as the interaction of stiffness squared and load (p <
0.001) were significant predictors of contralateral hip
positive work (WCON_HIP) (adjusted R
2 = 0.8327) (Fig. 6).
Prosthetic ankle stiffness, load, and stiffness squared
were not significant and were removed from the final





¼ 0:319þ 0:038∙kl−0:208∙k2l ð5Þ
Contralateral knee positive work (WCON_KNEE) was
predicted by load (p < 0.001) and stiffness squared (p =































































































Fig. 3 Time series (normalized to percentage of prosthesis-side stride cycle) of the average angle and moment data for the ankle, knee, and hip.
The moment data is normalized to the participant’s body mass (not including the weighted vest). The solid lines are the prosthetic side, and the
dashed lines are the contralateral side
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0.0084) (adjusted R2 = 0.9061) (Fig. 6). Prosthetic ankle
stiffness, the interaction of stiffness and load, and the
interaction of stiffness squared and load were not signifi-
cant and excluded from the model. The resulting model
was: (Eq. 6)
WCONKNEEð JkgÞ ¼ 0:223þ 0:001∙l−1:293∙k
2 ð6Þ
Contralateral ankle-foot positive work (WCO-
N_ANK_FT) was predicted by the interaction of pros-
thetic ankle stiffness and load (p < 0.001) and the
interaction of prosthetic ankle stiffness squared and
load (p = 0.0326) (adjusted R2 = 0.8622) (Fig. 6). Stiff-
ness, load, and stiffness squared were not significant
and were excluded from the model. The resulting







For additional analysis of the net metabolic power and
joint power based on the categorical input stiffness, see
Additional file 4: Figure S4, Additional file 5: Figure S5,
and Additional file 6: Figure S6.
Discussion
We used a robotic prosthetic emulator to simulate vari-
ous ankle joint stiffnesses above and below a typical hu-
man ankle stiffness during different mechanical
demands (e.g., with and without additional load). This
experimental approach allowed us to vary the ankle joint
stiffness while keeping every other parameter (e.g., foot
length, mass, shape) constant on the device. We tested
the hypothesis that the lowest stiffness would minimize






















































Fig. 4 Time series (normalized to percentage of prosthesis-side stride cycle) of the average power for the ankle-foot, knee, and hip. The ankle-
foot was calculated using the unified deformable segment analysis, and knee and hip were calculated using a 6 degree-of-freedom model. All
power is normalized to the participant’s biological body mass. The solid lines are the prosthetic side and the dashed lines are the
contralateral side
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metabolic cost for normal walking (no added load), and
the stiffness that minimized metabolic cost during load
carriage would be greater compared to the no load con-
ditions. However, contrary to our hypothesis, the highest
stiffness, out of the range tested, minimized metabolic
energy for both walking conditions. We found no signifi-
cant interaction between stiffness and load on metabolic
energy cost.
One potential reason why our hypothesis was not sup-
ported is that we focused solely on the stiffness of the
ankle joint and did not take into consideration other joints
within the foot. The joints within the human foot are im-
portant and play a role in how the ankle-foot complex be-
haves during walking [46–51]. A study by Kern et al.
found that the human midtarsal joint (i.e., arch) stiffness is
about 2.5 times greater than the ankle joint, and both the
midtarsal joint and ankle joint increase in stiffness when
carrying additional loads [20]. Therefore, a higher stiffness
might have been needed to minimize metabolic cost in
order to incorporate the role of the midtarsal joint. A re-
cent study involving an articulated toe and ankle pros-
thesis found that varying the toe joint stiffness affected
whole-body mechanics just as much, if not more, than
varying ankle joint stiffness [52]. The prosthesis used in
our study did not have any articulations besides the ankle.
Thus, in the absence of compliance within the foot arch
or toes, the ankle stiffness may need to be stiffer than the
typical human ankle stiffness in order to incorporate the
functions of the foot structures as well.
The range of stiffness we tested could have influenced
why the metabolic energy was minimized at the highest
stiffness for both conditions. The range of input stiffness
tested was from 0.0928 Nm/deg/kg to 0.1392 Nm/deg/
kg, which is around the typical human ankle stiffness for
normal walking, as well as walking with additional load
[14, 18, 20, 34]. The actual stiffness range was larger
since the experimentally-derived stiffness was not exactly
the same as the prescribed input stiffness. It is possible
that the range tested might have been too narrow to de-
termine a different optimal stiffness for both load condi-
tions. In comparison, Major et al. found that there was
an 8% decrease in metabolic energy from their highest
prosthetic stiffness (approximately 200% of our highest
stiffness) to their lowest stiffness (approximately 80% of
our lowest stiffness) in individuals with an amputation
[15]. However, they did not test any stiffness values in
Fig. 5 Net metabolic power (Ėmet) was predicted by prosthetic ankle stiffness (k) and load (l). Net metabolic power was normalized to biological
body mass. Each open circle is a participant’s data point. The blue line represents the equation at no load, and the red line represents the
equation for the 30% additional load condition. ˙Emet ¼ 3:416þ 0:015∙l−6:809∙k2
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the middle of the range, therefore it cannot be deter-
mined if there is a linear trend between the two points
or if there is another trend that would appear if more
values were tested.
From each participant’s highest stiffness to their
lowest input stiffness, metabolic cost decreased by
about 0.11W/kg for the no load condition, or 3.2%,
and 0.10W/kg for the additional load conditions, or
2.57%. This difference would equate to the metabolic
cost of transport of 0.01 J/Nm, which is less than the
reported minimal detectable difference (0.022 J/Nm)
using a portable metabolic system [53]. The study
mentioned above was not using a prosthesis, which
can influence the results of the minimal detectable
difference. While the non-portable metabolic system
we used for our study could be more accurate than
the portable system, it is still likely that the difference
in metabolic cost within the range of ankle stiffness
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Fig. 6 Results from the Linear Mixed Models for the ankle-foot, knee, and hip positive work on both the ipsilateral and contralateral side. Each
open circle is a participant’s data point. The blue line represents the equation at no load, and the red line represents the equation for the 30%
additional load condition. a Ipsilateral hip positive work (WIPS _ HIP) per stride was predicted by the interaction of stiffness (k) and load (l) as well as
stiffness squared (k2) and load WIPS _ HIP = 0.293 + 0.026 ∙ kl − 0.128 ∙ k
2l (b) Ipsilateral knee positive work (WIPS _ KNEE) per stride was predicted by the
load, the interaction of stiffness and load and the interaction of stiffness squared and load WIPS _ KNEE = 0.219 − 0.007 ∙ l + 0.144 ∙ kl − 0.584 ∙ k
2l (c)
Prosthetic ankle-foot positive work (WPRO _ ANK _ FT) was predicted by stiffness and load WPRO _ ANK _ FT = 0.244 + 0.002 ∙ l − 0.661 ∙ k (d) Contralateral
hip work (WCON _ HIP) was predicted by the interaction of stiffness and load as well as the interaction of stiffness squared and load WCON _ HIP =
0.319 + 0.038 ∙ kl − 0.208 ∙ k2l (e) Contralateral knee work (WCON _ KNEE) was predicted by stiffness squared and load. WCON _ KNEE = 0.223 + 0.001 ∙ l −
1.293 ∙ k2 (f) Contralateral ankle foot positive work (WCON _ ANK _ FT) was predicted by the interaction of stiffness and load and the interaction of
stiffness squared and load WCON _ ANK _ FT = 0.208 + 0.016 ∙ kl − 0.057 ∙ k
2l
Hedrick et al. Journal of NeuroEngineering and Rehabilitation          (2019) 16:148 Page 10 of 15
we tested is relatively small. If the stiffness range
tested was wider, it is possible that we could have
seen a greater decrease in metabolic cost. Since there
was a slight reduction in metabolic cost, we also
wanted to see how participants’ perception of the dif-
ficulty of the condition related to this reduction.
We found that the participants’ perception of the diffi-
culty of the condition was predicted by the interaction
of load and stiffness (Additional file 9: Figure S9). There-
fore, individuals did not perceive differences for the dif-
ferent stiffness values during the no additional load
conditions, but they perceived that it was more unnat-
ural to walk with increasing stiffness at the additional
load conditions. This is the reverse of what was observed
metabolically since their metabolic energy decreased as
the stiffness increased for the additional load conditions.
A previous study using a hip exoskeleton saw that par-
ticipants did not always prefer the condition that was
the most metabolically beneficial [54, 55]. Additionally,
we performed a one-way repeated measures ANOVA to
determine the relationship of order of trials with added
mass on perception to determine if individuals perceived
the later conditions as more difficult (i.e., potential fa-
tigue effect). We found that there were no significant
differences (p = 0.246), suggesting that subjects did not
perceive later conditions as more difficult than others.
There was a great amount of variability between
participants in terms of which condition minimized
their metabolic energy expenditure. For each loading
condition, we fit a quadratic regression to metabolic
cost as a function of ankle stiffness and found the
minimum of the curve, which was the stiffness that
minimized metabolic cost within the range of stiffness
tested. The average stiffness that minimized metabolic
cost for the no load condition was 0.1166 ± 0.0247
Nm/deg/kg, and the average for the additional load
condition was 0.1300 ± 0.0259 Nm/deg/kg. While the
average stiffness that minimized metabolic cost in-
creased with the additional load condition, the vari-
ability of each value was large in that one standard
deviation is approximately 50% of the original range
of stiffness tested in this study. This suggests that the
stiffness that minimized metabolic cost might be bet-
ter quantified on a per individual basis, since there is
no single stiffness value that will minimize energy ex-
penditure for all participants. A similar high partici-
pant to participant variability has been seen in
exoskeletons and optimal timing profiles [55]. An ap-
proach like the ‘human in the loop’ optimization may
be needed in order to find participant-specific param-
eters that will optimize the metabolic cost of walking,
or any other variables, as seen in exoskeleton studies
[56, 57]. The prosthesis that we used in this experi-
ment is able to change stiffness on a step-to-step
basis, therefore, it could be used with the “human in
the loop” approach to vary stiffness until a metabolic
minimum for each subject is reached. Such an itera-
tive approach may be better suited to find a beneficial
stiffness setting that accounts for the variability
among individuals.
In partial support of our hypothesis, the lowest stiff-
ness had the greatest amount of ankle-foot work for the
no load conditions. Previous studies have seen similar
trends where increasing prosthesis ankle joint stiffness
decreases the amount of positive work in prosthetic de-
vices [6, 16, 23, 24]. However, the stiffness condition that
maximized prosthetic ankle-foot positive work did not
correspond to the stiffness that minimized metabolic en-
ergy consumption. Instead, the stiffness that minimized
prosthetic positive work (i.e., highest stiffness) corre-
sponded to the stiffness that minimized metabolic cost.
Ankle-foot work decreased by about 0.036 J/kg from the
subject’s lowest stiffness to the highest stiffness, but this
decrease only amounted to about a 3% decrease in meta-
bolic cost. Previous studies that have modulated the
amount of ankle work may suggest that a greater change
in work may be needed to see a large change in meta-
bolic energy [24, 31, 58]. Contrary to our findings,
Caputo et al. used a powered prosthesis and found that
for a work decrease of about 0.03 J/kg, there would be
an increase of about 0.148W/kg in metabolic cost [31].
Zelik et al. had about a 4.6 J difference in ankle push-off
work (0.06 J/kg for a 75 kg person) from their lowest to
highest stiffness but found no statistical significance be-
tween the metabolic cost at these two stiffness values
[24]. The metabolic cost did decrease by about 7 to 8%
from the highest to the medium stiffness, which had
about a 2.6 J difference in push off work (0.035 J/kg for a
75 kg person) [24]. In a study with a commercially-
available powered prosthesis, the prosthetist-chosen
power setting was a mean ankle work of 0.11 ± 0.06 J/kg,
but the best power setting for decreasing metabolic cost
(by about 8.8% ± 4.6%) was 0.24 ± 0.07 J/kg [58]. There-
fore, our differences in ankle-foot work between stiffness
conditions may not have been large enough to influence
the metabolic cost.
At the ipsilateral hip joint, our original hypothesis
was that the lowest stiffness would minimize hip posi-
tive work, and a higher stiffness would minimize hip
work when carrying additional loads. Our statistical
model found that hip positive work did not signifi-
cantly change between stiffness conditions for the no
load condition. We found an interaction of both stiff-
ness and load, as well as stiffness squared and load,
which indicates that ipsilateral hip positive work var-
ies as a function of both variables. Therefore, our hy-
pothesis was partially supported, since the highest
stiffness minimized hip positive work at the 30% load
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condition. This is important since many individuals
with amputation experience an increase in metabolic
cost, which can at least partly be attributed to their
increase in hip positive work [9–11]. Upon further
analysis, we found that both prosthetic ankle-foot
positive work (p < 0.001) and ipsilateral hip positive
work (p < 0.001) were significant predictors of meta-
bolic cost (adjusted R2 = 0.7765). The equation was:
˙Emet ¼ 1:92þ 2:55∙WIPS HIP þ 4:30∙WPRO ANK FT .
Therefore, as both the ankle-foot positive work and
the ipsilateral hip positive work decreased, the meta-
bolic cost decreased.
We also did a few secondary analyses to analyze the
other joints to see if their behavior was influencing the
net metabolic power outcomes. For the additional load
conditions, the contralateral ankle-foot had more posi-
tive work in the higher stiffness conditions compared to
the lower stiffness (Fig. 6), suggesting that it could be
compensating for the reduced positive work of the pros-
thesis. The contralateral ankle-foot positive work did not
significantly vary with stiffness for the no additional load
conditions, which agrees with a previous study looking
at prosthetic stiffness [24]. The ipsilateral and contralat-
eral hip had similar behaviors, and they both varied as a
function of both interaction terms.
This study had a few limitations. The prescribed
prosthetic ankle stiffness was determined by approxi-
mating a single linear slope during the dorsiflexion
phase based on the moment-angle relationship of hu-
man ankles [20]. A study by Shamaei et al. found that
the human ankle is less stiff at the beginning of
dorsiflexion compared to the end of the phase [13].
Thus, our prescribed ankle stiffness likely has a stiffer
joint compared to the human ankle during early
phases of dorsiflexion, which could explain the in-
crease in ankle plantarflexion moment during the
early stance phase compared to the contralateral
ankle (Fig. 3). Additionally, most participants were in-
experienced with walking with this prosthesis and the
participants’ familiarity with load carriage was not
assessed. To minimize the potential contributions of
learning effects, we had each participant complete
two training days before the testing day, which has
been shown to be a sufficient amount of training with
exoskeletons [59, 60]. A paired t-test was done for
each condition between the first and second day, and
the condition with 0% load, and the med-high stiff-
ness value was significantly different (p = 0.0448).
However, all other conditions were not significantly
different (p ≥ 0.14) (Additional file 10: Figure S10).
When the same paired t-test was done for each con-
dition between the second and third day, all condi-
tions were not significantly different between the 2
days (p ≥ 0.11). This may suggest that the trends
between metabolic cost were similar between the sec-
ond and third day and no additional changes in meta-
bolic cost happened due to learning.
Another limitation is the generalizability of these find-
ings. The participant recruitment was limited in that
there were two sizes of lift shoes used, and there was a
specific weight limit for the prosthesis. Because of these
criteria, we had a restricted range of participants based
on shoe size and body mass. While this increases the in-
ternal validity of the study, the findings of our study are
less generalizable. In addition, using a simulator boot
with the prosthesis makes these results less generalizable
to individuals with amputation. There have been a var-
iety of studies that have used emulator or simulator
boots [24, 31, 33, 52]. Some studies have shown similar
results between healthy controls and individuals with
amputation [24], while others have shown differing re-
sults [24, 31, 35]. It is currently unclear whether the
findings of our study could translate to individuals with
amputation, and our findings should be verified in indi-
viduals with amputation before informing the design of
prosthesis. Having healthy controls walk on simulator
boots with the prosthesis helps to eliminate the
amputation-specific variability including residual limb
length, amputation type, amputation surgery and socket
interface as well as the common comorbidities with am-
putations such as residual limb pain, osteoarthritic pain
and scoliosis [24, 52]. Additionally, using simulator
boots can show how healthy humans adapt to different
toe and ankle properties [52]. The added mass of the
simulator boot and added leg length can influence the
results. The average metabolic cost for our study while
walking with this emulator without additional load was
3.3W/kg. Another study using a similar prosthetic emu-
lator found that the average metabolic cost of healthy in-
dividuals walking with this emulator was 3.6W/kg, while
these same individuals had an average metabolic cost of
2.7 ± 0.37W/kg while walking with their normal shoes
[31]. This suggests that walking with this emulator could
increase metabolic cost. However, our experimental
protocol was a within-subjects design so the effect
should be approximately the same for each condition
when comparing between the conditions for each
participant.
The purpose of this study was to understand the im-
portance of changing ankle stiffness during different
locomotor tasks. While human ankle’s ability to modu-
late joint stiffness is well documented [14, 17, 18, 20],
our study found that the magnitude of changes in hu-
man ankle stiffness seen between normal (no load) walk-
ing and load carriage conditions [18, 20] likely leads to a
small change in metabolic cost. Such findings may indi-
cate that the functional importance of human ankle’s
ability to modulate stiffness may involve factors besides
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minimizing metabolic cost across various locomotion
tasks, such as maximizing stability or reducing fall risks.
Conclusion
Our study revealed that a stiffness higher than the typ-
ical human ankle can decrease metabolic energy at both
normal walking and walking with additional loads. Add-
itionally, we found no significant interaction between
stiffness and load carriage on metabolic cost, which may
suggest the modulating ankle stiffness comparable to
levels of how the human ankle modulates stiffness is not
likely to have a metabolic benefit. Future studies looking
at a wider stiffness range or using human-in-the-loop
optimization can be done to further solidify if there is an
‘optimal’ stiffness that can be determined when individ-
uals walk under various mechanical demands.
Supplementary information
Supplementary information accompanies this paper at https://doi.org/10.
1186/s12984-019-0621-x.
Additional file 1: Figure S1. Moment-Angle Relationship from the
HuMoTech prosthesis emulator MATLAB/Simulink code. Two moment
and angle values-pairs were entered into the software to define a linear
slope and created the desired moment-angle relationship (indicated by
the circles outlined in black). The first pair of points were always at a
plantarflexion moment of 0 Nm and at 0 degrees dorsiflexion. The second
pair of points were a condition-specific non-zero dorsiflexion value and
plantarflexion moment value. Taking the slope of the best fit line to the
moment-angle curve gave an estimate of the ankle dorsiflexion stiffness.
The figure above shows a representative moment-angle curve from ‘low’
stiffness (blue) and ‘high’ stiffness (green) conditions.
Additional file 2: Figure S2. Input stiffness versus stiffness from inverse
dynamics. The stiffness values input into the prosthesis software versus
the stiffness values calculated from the inverse dynamics. Each dot
represents one participant’s data, and the five stiffness values for each
participant are connected with a solid line. The blue lines represent the
no load conditions, and the red lines represent the additional load
conditions. The black diagonal line shows where the two values would
be equal. The black dashed line is a best fit line to all data. This graph
shows that while the stiffness that is inputted is not always the exact
value found from inverse dynamics, there is still a general trend for
increasing stiffness when an increased stiffness is inputted.
Additional file 3: Figure S3. Prosthesis stiffness for each condition
across all 3 days. The stiffness values calculated in the prosthesis software
from the load cell on the prosthesis across the three days of testing. We
did a t-test for each stiffness condition between days to determine if the
stiffness varied within subjects among the three days of testing. We
found that all differences were insignificant (p ≥ 0.0581) except the high-
est stiffness for the unloaded walking trial, with a significant difference
between days 2 and 3 (p = 0.0222).
Additional file 4: Figure S4. Metabolic cost for each input stiffness
condition. All values are normalized to biological body mass. Blue bars
represent the no load conditions, and the red bars represent the
additional load conditions. As the colors get darker for both loading
conditions, the stiffness values are increasing.
Additional file 5: Figure S5. Prosthetic ankle-foot, and ipsilateral knee
and hip work per stride for each condition. All values are normalized to
biological body mass. Blue bars represent the no additional load, and red
bars represent the additional load conditions. As the colors get darker,
the stiffness values are increasing.
Additional file 6: Figure S6. Contralateral ankle-foot, knee, and hip
work per stride for each condition. All values are normalized to biological
body mass. Blue bars represent the no additional load, and red bars rep-
resent the additional load conditions. As the colors get darker, the stiff-
ness values are increasing.
Additional file 7 Figure S7. Ipsilateral ankle, knee, and hip angular
impulse for each condition. All values are normalized to biological body
mass. Blue bars represent the no additional load, and red bars represent
the additional load conditions. As the colors get darker, the stiffness
values are increasing.
Additional file 8: Figure S8. Contralateral ankle, knee, and hip angular
impulse for each condition. All values are normalized to biological body
mass. Blue bars represent the no additional load, and red bars represent
the additional load conditions. As the colors get darker, the stiffness
values are increasing.
Additional file 9: Figure S9. Participants’ perception of each
conditions’ difficulty, compared to the actual stiffness of the condition.
Each dot represents each participant’s individual data, and the solid lines
are the predicted equation. The interaction of stiffness and load were
significant predictors of the participant’s perception. Perception = − 1.91
− 0.23 ∙ kl Therefore, for the no load condition, participant’s did not
perceive any difference in difficulty, but for the additional load
conditions, the conditions seemed more difficult as stiffness increased.
Additional file 10: Figure S10. Metabolic Cost for each condition
across all 3 days. A paired t-test between the second and third day meta-
bolic cost shows that there was no differences between the metabolic
cost values for these days (p < 0.05).
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